Computational fluid dynamics (CFD) and magnetic resonance (MR) gas velocimetry were concurrently performed to study airflow in the same model of human proximal airways. Realistic in vivo-based human airway geometry was segmented from thoracic computed tomography. The 3D numerical description of the airways was used both for generation of a physical airway model using rapid prototyping, and mesh generation for CFD simulations. Steady laminar inspiratory experiments (Reynolds number Re = 770) were performed and velocity maps down to the 4 th airway generation were extracted from a new velocity mapping technique based on MR velocimetry using hyperpolarized 3 He gas. Full 2D maps of the velocity vector were measured within a few seconds. Numerical simulations were carried out with the experimental flow conditions and the two sets of data were compared between the two modalities. Flow distributions agreed within 3%. Main and secondary-flow velocity intensities were similar, as for velocity convective patterns. This work demonstrates that experimental and numerical gas velocity data can be obtained and compared in the same complex airway geometry. Experiments validated the simulation platform that integrates patient-specific airway reconstruction process from in vivo thoracic scans and velocity field calculation with CFD, hence allowing the results of this numerical tool to be used with confidence in potential clinical applications for lung characterization. Finally, this combined numerical and experimental approach of flow assessment in realistic in-vivo based human airway geometries confirmed the strong dependence of airway flow patterns on local and global geometrical factors, which could contribute to gas mixing.
INTRODUCTION
Knowledge of flow in human airways is essential to understand respiratory physiology and pathophysiology. It is a way to assess ventilation and particle deposition. Furthermore, the improvement of lung pathology diagnosis, the refinement of respiratory assistance, and the development of inhaled drug therapy motivate flow pattern studies (16, 23, 44 ). morphological study (18) . They observed and quantified the complexity of flow, including the development of eddies influencing gas mixing. The swirls highly depend upon the specificity of geometry such as the asymmetrical and 3D character of the airway branching system. Such patterns have never been validated in vivo even within large airways and only preliminary results were recently obtained in the trachea of a volunteer during inhalation (9) .
Lately, CFD and medical imaging were combined to study airflow in more realistic morphologies. In a first step, medical imaging techniques, such as computed tomography (CT) lung scans, provided a wide range of possible morphologies and CFD studies were performed in realistic airway models (34, 39). In a second step, small airways were added to the image-based proximal airway model (26, 42) . In these studies, the absence of a common reference anatomy precluded inter-study comparisons.
Since the emergence of rapid prototyping, realistic airway casts have been generated from medical imaging data. However, most of the branches after the 4 th generation did not have any lumen. This airway cast was used to calculate flow rates in airway branches using Pitot tubes to measure dynamic pressures and pressure drops between the tracheal inlet and the opened end branches (40).
Only a few experimental velocimetry techniques can be used to probe fluid dynamics on such complex geometries. Optical velocity mapping techniques like particle image velocimetry and laser Doppler velocimetry need a transparent model and a limited surface irregularity to perform accurate measurements (10) . Hot wire anemometry introduces an invasive probe which is susceptible to perturbate the flow and which also needs a precise placement within the flow. Magnetic resonance velocimetry (30) has proven to be an efficient technique to map velocity in liquids containing proton 1 4 using an HP gas that acts as a high MR signal source. This technique relies on drastically increased polarization (up to 10 5 times) to overcome the three orders of magnitude loss in atom density compared to water. Mapping gas velocity within the airways was only recently shown to be feasible (8, 9, 29) . Indeed, thanks to the combination of HP 3 He, phase-contrast (PC) velocity mapping and rapid imaging, full 2D maps of the airway velocity vector can be obtained within a few seconds.
Here, we directly compare, for the same realistic patient-based geometry, velocity patterns obtained experimentally with HP 3 He MR velocimetry to those obtained by CFD simulations. On the one hand, a realistic airway cast, issued from thoracic CT scans on a healthy patient was built using rapid prototyping and velocity maps were obtained by HP 3 He MR velocimetry at different cross-sections (CS) down to the 4 th generation in that physical airway model conveying a steady flow. On the other hand, CFD simulations were carried out in the corresponding digital airway geometry using the same dynamical conditions as for the experiments. Finally, numerical and experimental velocity maps were qualitatively and quantitatively compared.
MATERIALS AND METHODS

Airway geometry generation and prototyping
Thoracic CT scan images of a 59 year-old male obtained during an 8-s apnea at a typical tidal volume from functional residual capacity on a multi-detector CT currently used in clinical routine (planar resolution of 0.7 × 0.7 mm 2 , axial resolution 0.6 mm), were retrospectively processed as allowed by the institutional review board.
Radiologists considered the subject scan normal, i.e. without alteration of the airway geometry.
Details on the segmentation procedure were given in previous papers (16, 44) . Images were segmented using a method based on quantitative 3D CT bronchography (14) . This fully-automated 3D reconstruction approach allows the segmentation of the bronchial tree down to the 5-7 th generations and the extraction of a central axis that provided navigation and quantification functionalities.
To obtain the airway geometrical description composed of triangular meshed lateral surface from the trachea down to generations 5-7, a marching cube algorithm (25) , used to render iso-surfaces in volumetric data, was implemented in AMIRA (Mercury Computer System Inc., Chelmsford, MA, USA). After a filtering and a reduction of the number of triangular cells, the mean segment size was around 1.2 mm, which was adapted to match mesh quality requirements for CFD.
divided by the volume of the perfectly equilateral tetrahedron. In that case, the perfect equilateral cell has the same circum-radius as the considered cell. According to this definition, a skewness of 0 corresponds to perfectly equilateral cells whereas a skewness of 1 reveals completely degenerate cells. A second simulation on a finer mesh (26% additional nodes and 35% additional cells) was also performed to investigate the local convergence of the CFD algorithm. For both meshes, skewness ranged from 0 to 0.8 with a mean value of 0.5. Maximum skewness was chosen to fulfill the commercial solver manufacturer (FIDAP, Fluent Inc.) recommendation to limit discretization errors and convergence time.
The triangular surface mesh was then converted into volume by giving a 1.5 mm thickness in the external direction of the bronchi by extruding the initial mesh with 3DsMax (Autodesk, San Rafael, CA, USA) and by manually correcting the error in the generated volume. From this volumetric description of the surface, the cast was materialized with a scale of 1:1 using rapid prototyping (stereolithography). This method consisted of fixing a photosensitive resin with a laser, layer by layer (thickness: 0.1 mm), to generate a 3D-object of the inner airway geometry.
Gas production and administration
MR measurements were performed using HP 3 He as a high MR gaseous tracer, which was mixed in a vector gas (N 2 ) and injected through the airway cast while the imaging sequence was running. This technique was previously described and validated in straight and U-shaped pipes (9). 3 He was hyperpolarized on site (4) for one hour to get two doses -140 ml polarized at 10%. Non-depolarizing vector gas, 650 ml of N 2 , was added to 70 ml of HP 3 He before the mixture was transferred to a Tedlar ® bag for transportation to the magnet located 15 meters away.
An administration system ( Fig. 1 ) was designed to automate the injection of the HP gas mixture from the bag into the cast, continuously measure the input flow rate, and trigger the imaging sequence. This system was MRcompatible (no magnetic materials, no RF noise production, low sensitivity to power RF emissions) and adapted to HP gases (non-depolarizing materials to maintain the prepared nuclear polarization).
The main part of the administration device was a non-magnetic 3-way valve put on the imaging bed that switched inputs between air and HP gas mixture for an approximate time of 8 s corresponding to the time for the bag to empty at the chosen flow rate. Due to the high magnetic field, the valve was pneumatically-controlled with a home-built system placed in the nearby technical room (far from the magnet). An injector was added after the valve to create aspiration either from room or from administration bag. disturbances to flow associated with flowmeter geometry, and response may vary by a few percent (15) . Besides, response of the sensor was proportional to its voltage supply provided by the MR compatible battery, which decreased by no more than 3.7% while used over an entire day. Furthermore, while the gas physical properties transiently changed (i.e. density and viscosity) secondary to the injection of HP gas over a limited period of time during the experiment, the sensor, calibrated on air, underestimated flow rate by less than 2.8%. Considering the hyperpolarized gas production setup, able to produce two doses in one hour, and its limited ability to keep the polarization for a long time, experiments on different cross-sections (CS) were done separately. Consequently, flow rate was not maintained constant during gas production, but was set for a few minutes before each experiment with the error sources described above. Henceforth, the overall precision of the input flow rate between experiments on different CS could be estimated to be 7.5% which does not differ from standard errors performed with this type of flowmeter and administration protocol (13, 15, 31) .
Valve switching and sequence triggering were controlled by an in-house program using HPVEE (Hewlett Packard, Loveland, CO, USA) and flow rate was continuously acquired (DT VPI, Data Translation, Marlboro, MA, USA) and stored at the end of each experiment for comparison with the imaging data.
All connecting tubes were taken from respirator hardware (standard flexible 22-mm diameter plastic tubes, Flextube #1573, Intersurgical, Wokingham, UK). An adaptation piece was placed at the cast entrance. It was composed of first a 10-cm long 1-mm diameter thin capillaries placed to fill entirely the 22-mm diameter tube, and then, a respiratory filter directly connected to the cast. This stabilization segment aimed at reducing the curvature influence on the velocity profile at the entrance of the cast leading to a rather flat velocity profile, as checked by the velocity profile measurement performed at this location.
The airway cast laid horizontally in the MRI system (Fig. 2) . Its position was adjusted so that the explored CS was centred in the magnet bore to reduce Maxwell-term artefact in the velocity measurement (33) and orientation was set normal to the static magnetic field B 0 . Positioning errors were estimated to be smaller than 1 mm and 2 for the in angular orientation.
Cast outlets were let opened to emphasize the intrinsic effect of inner geometry on airway flow distribution and airway velocity profiles. Room pressure and temperature were 1020 hPa and 291 K respectively. The actual gas composition during MR acquisitions was 3.7% of 3 He, 83.3% of N 2 , and 13% of O 2 . Its density was exp = 1.164
kg.m -3 and viscosity exp = 17.9 µPa s. The Reynolds number (Re) was 770±58 (mean±standard deviation) at the tracheal inlet where the standard deviation depended on the uncertainty on the input flow measurement.
Imaging Technique
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Experiments were performed on a whole body 1.5T MRI unit (GE Signa, Milwaukee, WI) (inside tunnel diameter ~55 cm) with a maximum gradient strength of 1 22 mT m and a slew rate of 1 1 120 T m s . A transmit/receive switch and radio-frequency preamplifier as well as an 8-cm diameter surface coil (quality factor = 300) were specially designed and manufactured for 3 He imaging (resonance frequency at 1.5 T = 48.65 MHz).
The sequence was based on the combination of radial MR imaging and phase-contrast velocimetry. A 2D radialbased PC spoiled gradient-echo sequence was implemented (see Fig. 3 ). It relies on the acquisition of a set of diameters in k-space (i.e. Fourier transform of projection of the imaged object) and on the reconstruction of the image from a sufficient set of projections separated by uniform angles. Each projection was realized with first a spatially-selective excitation (1-cm thick slice, flip angle 10 to 45°) followed by a bipolar gradient (field-of-speed Noise standard deviation was calculated in a region void of signal and the reference image was normalized by this noise. The velocity uncertainty V for each voxel containing the signal S was then deduced using the following relation describing the statistical error on the measured phase (i.e., velocity) resulting from the measurement process (11):
Measurement location
Measurements were taken at the tracheal inlet and 8 cross-sections ( Fig. 2 and Table 1 
Numerical simulation
Fluid dynamics simulations were performed in the airway model. Gas was assumed incompressible (Mach number = 1.2 10 -3 at the model entrance). Since Re was lower than 1000, a laminar flow assumption was used. To set the input profile, experimental velocity components measured at the cast inlet were processed to get null velocity on the edges and the same stationary flow rate of 1 269 ml s , and they were interpolated onto the mesh points at the entrance boundary. We applied no-slip boundary condition along the airway-model walls and stressfree boundary conditions at the model outlets. Experimental values of gas density and viscosity were imposed assuming Newtonian fluid.
Airflow was simulated with FIDAP using a Linux 64 bit workstation, with a single AMD Opteron 2.5 GHz processor and 8 Go RAM. A segregated-solver algorithm with relaxation and upwinding was used. The tetrahedral elements were linear both for velocity vector and pressure, and hence pressure stabilization was used (19).
Galerkin formula for intern laminar calculation and standard finite element stabilization methods were used (streamline upwind Petrov-Galerkin and pressure stabilization Petrov-Galerkin). The overall criterion for convergence was met when the solution-vector relative-error norm was less than 10 -5
. To quantify local convergence, comparison was made between simulations with the smaller cell size. Velocities were interpolated on a structured grid on all CS and a Bland-Altman analysis (2) was performed. Bias and standard deviation of the difference ( CFD ) on axial velocity were evaluated and divided by the mean CS velocity to get relative statistical parameters.
Experimental and numerical comparisons
Experimental cross-sections were registered with a 0.4-mm precision using contours from the numerical data, and mean signal-to-noise ratio (SNR) was calculated ( Fig. 4 and Table 1 ). Numerical results were interpolated on a structured grid at the experimental cross-section locations (bilinear interpolation). Flow rates were assessed both for experiment and simulation by integrating the axial velocity over the cross-section. Flow rate error was estimated by propagating the measured velocity errors (usually 1-2% on the MR-imaged flow) and by adding the error obtained on the input flow measured by the flowmeter. Mean secondary motion amplitude and mean axial velocity on each section were calculated. Position and magnitude of selected flow features, such as CS axialvelocity maximum and vortex center positions were manually and independently selected on each velocity map and point-by-point compared.
For each CS, a Bland-Altman analysis was performed (2): bias and standard deviation ( diff ) of the axial velocity difference was calculated to get statistical parameters that describe how well CFD and MRI velocities matched.
RESULTS
CFD convergence
Convergence was obtained following about 100 iterations in a calculation time of 7.5 hours. At every CS, no bias on velocity was observed between the simulations performed with different cell sizes. CFD ranged from 
Flow distribution
Experimental and numerical flow rates agreed satisfactorily as reported in Table 1 . Except at CS9, numerical results were within the experimental error bars. Flow rate agreed within 5.3% if all CS were considered and within 3% if CS 9 was excluded. As expected from the asymmetrical character of the geometry, the input tracheal flow rate divided asymmetrically between left (CS3) and right (CS4-5) main bronchi (44-56%). Only 15% of the tracheal flow rate was collected in the upper right lobe (CS6) and 41% flowed to the medial and lower right lungs (CS7-8). It corresponded to a substantial asymmetry in the flow distribution (22-78%) for this bifurcation. By CFD, 23% went into the branch located at the 4 th generation in the lower right bronchus (CS9) and 30% for MRI.
Overview of experimental and numerical velocity comparison
SNR was given for each CS. The mean SNR over the CS was 38 corresponding to a typical error on velocity of 1 3.5 cm s (from Eq. 1). The measured and simulated mean axial and secondary velocities are given in Table 1 , as well as diff for axial velocity. Mean axial velocity directly reflects flow rate and consequently matched for all sections except CS9. Mean secondary velocity tended to be overestimated by MRI, thus the ratio of mean secondary velocity to mean velocity was only calculated for CFD. This ratio varied from 15% (CS7) to 45% (CS6). It tended to increase before flow dividers (CS2,5,9) and after curvatures (CS3,6). From the Bland-Altman Detailed velocity maps of the three velocity components for CS7-8 are given in Fig. 9 , including the location of specific points (Table 2) . Visual comparison shows similar patterns for all velocity components. For all studied points, distance corresponded with a precision on the order of the pixel size and velocity values were in good agreement, generally matching better for CS7 than for CS8.
Flow within the trachea
The inlet boundary condition chosen for CFD was based on the experimentally measured velocity profile. The edge velocities were set to 0 and the flow rate was matched to that of the experiments resulting in a slight increase in maximum velocities by no more than 1 5 cm s (Fig. 7) . Note that the velocity profile was rather flat despite the 90° curvature of the incoming tube issued from the administration device. The 90° curvature obtained for CS1 was the highest upstream curvature obtained for all CS. The flattening of the velocity profile was the result of the added smoothing segment which efficiently reduced the curvature effects. However, a small backflow region is visible in the anterior region.
As found by both CFD and MRI, velocities within CS2 were smaller than those within CS1 due to its larger surface area. The small backflow region which appeared on the simulated data was not observed on the experimental data. In both cases, the velocity profiles indicated the onset of flow division before the fluid reaches the geometrical bifurcation. Furthermore, in-plane velocity exhibited two main directions corresponding to the downstream bronchus orientations. Maximum in-plane velocity was near 1 0.2 m s both for CFD and MRI.
Flow in the left main bronchus
For CS3, the axial velocity profile was highly asymmetrical with a maximum velocity towards the inner edge of the first bifurcation and a minimum towards the outer edge. In spite of higher numerical velocities, CFD and MRI agreed on this asymmetry. Secondary motions exhibited similar patterns with comparable velocity values. Two eddies (originally described by Dean (36)) developed in the airway with circulation oriented from the minimum (i.e., the inner edge of the curvature, outer edge of preceding bifurcation) toward the maximum axial velocity (outer edge) and skirting along the edge. Due to the asymmetry of the section and bifurcation, eddies were asymmetrical and of unequal strength, the posterior eddy having, in our model, much higher intensities and spatial occupancy.
Flow in the right main bronchus
For CS4, the axial velocity profile was highly asymmetrical with a maximum displaced towards the inner edge of the first (carinal) bronchial bifurcation and a minimum towards the outer edge. Normal to the bifurcation plane, an M-shaped profile was seen along the AP diameter (Fig. 8) . The peak axial velocity was higher for CFD than for MRI. Two eddies developed with the circulation oriented from the outer to the inner edge of bifurcation and then skirted along the edges, as expected for a symmetrical bifurcation. Similar to CS3, the posterior eddy had higher intensities and extended more than the anterior eddy. Vortex intensities and location of the eddy centres agreed between CFD and MRI.
CS5, located one diameter downstream from CS4 exhibited a profile similar to that of CS4 with a maximum axial velocity located towards the inner edge of the first bifurcation. The axial profile indicated the onset of flow division before the fluid reached the downstream bifurcation (Fig. 8) . Lower velocities were observed in the centre of the section and a second peak towards the outer edge of the first bifurcation.
Flow in the upper right bronchus
Velocity intensities were similar for CFD and MRI, lower than the values encountered upstream on CS4-5.
Simulated axial velocity exhibited an asymmetrical shape with a peak (0.35 m s -1 in both cases) directed towards the outer edge of the second bronchial bifurcation, i.e. the outer edge of the first bifurcation, thus a continuation of CS5. This result was unexpected as previous studies observed a higher influence of the immediately upstream bifurcation with maximum intensity towards the inner edge (3). This was probably due to the interaction between bifurcations since this section was fed by a non-negligible part of secondary motions visible at CS5.
Flow in the intermediate bronchus
The intermediate bronchus branching angle was 15°, nearly providing a straight path from the right main bronchus. Consequently, the CS7 velocity pattern was a continuation of that of CS4-5. The velocity profile was highly asymmetrical with a maximum velocity near the outer edge of the upstream bifurcation and a minimum near the inner edge. Two eddies developed with the circulation oriented from the minimum to the maximum axial velocity. The eddies were asymmetrical, the posterior one being much stronger. A two-peak axial velocity profile (RL) and a pronounced M-shape profile in the plane normal to the bifurcation plane (AP) was observed (Fig. 8 ).
Axial as well as in-plane velocities agreed fairly well (Fig. 9A) . The location of maximal velocities matched between CFD and MRI.
CS8, located one diameter downstream CS7, exhibited the same type of asymmetrical velocity pattern in relation with unequal eddies. Flow development was illustrated by a more homogeneous axial velocity profile. We emphasize two findings: secondary motion intensity increased up to 21% (15% for CS7, and axial velocity peak was shifted towards the posterior region, the latter likely being the consequence of a predominant posterior eddy visible at CS7. This shift was precisely confirmed by the experiments (Table 2) .
Flow in the lower right bronchus
CS9 was located in a 4 th generation branch, slightly upstream from a 5 th order bifurcation. Due to the small branch length (less than 2 cm) and a small cross-section area, the experimental flow and velocity measurement suffered from partial volume effects. Nevertheless, velocity maps still gave similar results: two axial velocity peaks could be observed with higher values than encountered upstream ( Approximately the same proportion (16%) was obtained at the same location in a post mortem airway cast composed of 31 generations (18). The tendency of the gas to follow the straightforward flow path (an effect related to gas inertia) may explain this previously described feature.
As shown in Fig. 7 and 8, experimental peak velocities exhibited lower intensities and blunter velocity profiles than those found in the numerical simulations. The inlet velocity profiles used for simulations were not simultaneously imaged with the selected cross-section. Therefore, one might expect a slight variation of the experimental inlet conditions when the cast was repositioned for each cross-section. However, the two successive upstream bifurcations effectively reduce the influence of the inlet flow conditions, further, as observed in Fig. 7-9 , velocity profiles matched better on CS7 and 8 than on upstream cross-sections. Except for CS9, numerical mean axial velocities fit experimental values but mean secondary motions slightly differed ( Table 1 ). The latter discrepancy could be due to an error on the imaged slice position, which can induce a small angular deviation with respect to the airway axis, thus projecting the axial velocity onto the transverse measurement plane. Thus, in spite of slight differences in the tracheal region of the model, understandable on the basis of slight discrepancies in entry conditions, we find similar flow features such as velocity extrema and vortex centers in similar regions ( Numerical and experimental investigations revealed flow characteristics that may have important impact on airway resistance, particle deposition, and gas mixing. In the main bronchi, the axial velocity peak was along the inner side of the bifurcation and secondary motions form Dean motions (3, 24) with magnitudes higher than those found in previous studies. In the lower right sub-segmental bronchus, due to the small branching angle, the upstream bifurcation had less influence in the velocity distribution than in the first (carinal) bifurcation. This effect has already been simulated in a similar configuration (6). CS7 and 8 presented similar velocity profiles but with a shift in the velocity peak location and a development of the dorsal clockwise secondary motion from CS7 to CS8.
The smaller cross-sectional area and shape variation of CS8 resulted in slightly higher mean axial velocity component and secondary motion than those on CS7, whereas a simple flow development would be expected in an idealized bifurcation (36). Secondary motions appear in the straight tubes with non-circular section (rectangular and triangular) (38) and are associated with section changes (divergence) (45). The present observation of higher secondary motions suggests that gas mixing, characterized by vortex intensities, increases in realistic geometry not only due to the branching geometry and asymmetry, but also with size reduction along branches, non-circular sections and probably local branch curvature.
Experimental limitations
MR gas velocimetry used to measure 3D flows in complex geometries was validated in a previous in vitro work by our group and applied in vivo (9) . As most experimental velocity measurement techniques, MR velocimetry suffered from higher uncertainty in the low velocity range so experimental errors increased near the airway walls. This is mainly due to the combination of partial volume (41) and time-of-flight (32) effects. Consequently, mean secondary motion quantification given in Table 1 was done without considering data at the edges since they artificially increased discrepancy between CFD and MRI. Except near the edge, comparison of local velocities (Fig. 9) showed that in-plane CFD and MRI velocities matched fairly well.
Furthermore, the velocity error due to the effect of averaging over the non-negligible size of the measurement volume (the voxel was 10-mm thick) was numerically evaluated. It was found to be smaller than the experimental error bars for CS1-8. Therefore this smoothing effect could be neglected. This approximation, that is related to this measurement technique, was previously validated in other reference geometries (e.g., curved tube) (9) . For CS9, the branch length was on the order of the slice thickness, resulting in non-negligible averaging effects which might contribute to the discrepancy between MRI and CFD, especially for flow rate. Another source of error in the quantitative comparison concerns the position of the experimental CS. A spatial 1-mm, 2˚ angular precision and 0.4-mm registration could easily introduce an additional term in the calculated error diff .
Gas properties
The steady flow condition, that was studied herein, has been previously considered to be a fair approximation of inspiratory peak-flow conditions (27) . Helmholtz number was null during the experiments, a reasonable approximation to in vivo resting conditions. For the CFD simulation, the f luid was assumed incompressible (Mach number << 1, as during normal breathing), and Newtonian, a common assumption for airway gas. In addition, since the Re was less than 1000 in the airway model, airway flow was simulated in laminar conditions.
Geometry
The airway model used for both experiments and simulations was highly realistic as it was generated from images of a human subject. As in most previous in vitro studies, branches were considered rigid and surfaces dry, an assumption which has been discussed in an earlier paper (3) . Considering that the CT data were acquired during apnea, no major tracheal or bronchial deformation can be expected (contrary to substantial deformation or even airway collapses which is currently observed during forced expiration (43) and deep breathing). As a consequence, the model's geometry reflects resting conditions, but, in addition to previous studies based on more idealistic geometries, our model includes several realistic features: (i) 3D curvatures and unequal lengths of airway branches, (ii) change in CS shapes and areas along the airway tree, and (iii) asymmetrical airway junctions and variety of branching angles. Due to the spatial resolution of CT imaging data, 5-7 generations were included in the airway model. Note that this cast built by stereolithography accurately reproduced the highly complex airway geometry to within 0.1 mm of the numerical geometry. It was noteworthy that no similarity condition was necessary to reproduce breathing conditions as the studied airway geometry was life size. This was not the case in previous studies where enlarged airway models were used to permit flow measurement (3) .
Inlet boundary conditions
The airway cast was repositioned in order to align each CS on a sagittal plane because the MR pulse sequence presently used did not allow oblique plane imaging, and to minimize Maxwell term artifacts (33). The inlet velocity profile was thus measured at the exit of a sharply curved tube necessitated by the spatial limitation of the magnet bore. However, thanks to the smoothing segment, a flat velocity pattern was observed confirming its efficiency (Fig. 7) .
The comparison between CFD and MRI was done here by considering the same inlet geometrical features.
However, upper airways were not included in the model, and thus important geometrical features at the inlet, such as glottis and larynx, were lacking. These features could have an impact on the flow patterns in the trachea including the generation of significant 3D gas motions, as shown by both in vitro (3, 28, 35) , and in vivo (9) studies. Further studies including upper airways at the entrance of the present model could be advantageously performed to address this limitation (7) . Despite this, the velocity profiles after the first bronchial bifurcation might only be moderately affected by the inlet profile (28) .
Outlet boundary condition
Our 5-7 generation airway model accounts for most of airway resistance (36) as maximum airway resistance is known to occur up to the 4 th generation at resting conditions. CFD outlet boundary conditions were identical to those experienced in MRI experiments where all outlets were opened (zero relative pressure). Physiological conditions might have to include the effect of smaller bronchi through the addition of dissipative pressure drop and gas distribution. To the best of our knowledge, no in vivo measurement of resistance nor pressure at that level has been done due to the lack of experimental technique. Airway resistance might correctly be modeled by
Poiseuille flow beyond the 10 th generation (36). Even if a Poiseuille resistance seems relevant to predict resistance or flow distribution in small airway (18), in vivo, asymmetric action of the respiratory muscles, or heterogeneous physiological or pathological airways obstruction might lead to an infinite number of possibilities for the outlet boundary conditions. However, in a flow distribution study in a 6-generation model (20) , it was shown that branch obstruction has a limited spatial effect, again because local geometry predominates in rapidly changing branching systems, meaning that exit conditions would not deeply modify the normalized shape of the velocity profile.
Reynolds number
The relative standard deviation over the input flow rate was estimated to be 7.5%, which is probably overestimated given the sharp correspondence of only 3% between CFD and MRI. Considering for an adult at rest a tidal volume of 500 ml, a breathing frequency of 12 cycles per minute, an effective inspiration lasting one third of the cycle duration, and a tracheal mean diameter around 2 cm, inspiration flow rate is estimated around 300 ml s, and Reynolds number around 1200. Here, the considered Re and flow rate were slightly lower than this estimation but remains characteristic of the convective flow regimen encountered in this case. Furthermore, results might be extended to higher Reynolds numbers as in various in vitro studies, it was shown that both flow distribution (20) and flow patterns (3) depend more on the geometrical airway structure than on Re.
Conclusions
The work presented in this paper concerns the application of an original gas velocity mapping technique. We demonstrated that velocity data can be obtained on the same realistic airway geometry by coupling experimental flow measurements and numerical flow computation. The HP 3 He MRI phase-contrast velocimetry was applied for the first time in a realistic human airway model and agreed well with the numerical simulation. The experimental technique thus provides a powerful tool to map gas velocity in complex and even opaque structures including human bodies.
The data confirmed the complexity of flow and the strong geometry-dependence of convective flow patterns within large airways. Expected global flow patterns were observed as a result of the global branching structure but local flow patterns strongly depended on local geometry as previously demonstrated on the basis of the comparison of data with literature results (44). Because of its small branching angle, the right lower sub-segmental bronchus exhibited a flow that is mainly influenced by the geometry of the first bifurcation (including the carina).
Secondary motions were higher than in previous studies due to the high non-circularity of CS, large area variations as distance from entry increases, and most likely 3D curvatures of real airways. These results suggest that gas mixing is enhanced in realistic airway morphologies as compared to idealistic models.
The present experimental results elegantly validate a full computational process made of thoracic CT acquisitions, specific airway segmentation and CFD on a patient-based geometry. The final item is a morphofunctional simulator of airway flow serving as a new numerical tool to study respiratory airflow and potentially physiological and pathophysiological flow-related mechanism.
The current flow model simulates resting conditions and the tool might be used to probe the effect of different gas properties. As flow patterns are mainly dependent on the patient-specific airway geometry, it opens a route for personalized and spatially localized diagnosis of respiratory diseases. The functional consequences of geometrical modifications induced by diseases, (e.g. airway tumor), or by surgical interventions could also be assessed.
Patient-based simulations may also provide a useful tool to optimize respiratory assistance and help the development of inhaled drug therapies. the measured standard deviation of the difference (see Table 1 ). Velocity error bars were calculated from Eq. 1. Velocity contours are color-encoded every 5 cm s -1 for V z and every 2.5 cm s -1 for V x and V y . Symbols indicate specific points for comparison between simulation and experimental data (see Table 2 ). 
